. Purpose: Patellofemoral (PF) pain is common among athletes and may be caused by increased subchondral bone stress as a result of increased stress in the cartilage of the femur or patella. This article presents a modeling pipeline to estimate in vivo cartilage stress in the PF joint. Methods: The modeling pipeline uses the finite element method to calculate stresses and strains in the PF joint cartilage. Model inputs include an accurate geometrical representation of the bones and cartilage from magnetic resonance imaging (MRI), cartilage material properties, and an estimate of muscle forces from an EMG-driven musculoskeletal model. Validation is performed using PF joint contact area and patellar orientation measured from upright, weight-bearing MRI. Preliminary data from an active, pain-free subject illustrate the modeling pipeline to calculate cartilage stress during a static squat. Results: The quasistatic finite element simulation reproduced the orientation of the patella to within 2.1 mm and predicted the PF joint contact area to within 2.3%. Octahedral shear stresses were highest in the central, lateral aspect of the patella cartilage with a peak of 2.5 MPa. The corresponding stresses in the femoral cartilage reached only 2.0 MPa. However, peak hydrostatic pressures were higher within the femoral cartilage (3.5 MPa) than the patellar cartilage (2.3 MPa).
P atellofemoral (PF) pain is recognized as one of the most common disorders of the knee, accounting for 25% of all knee pain seen in some sports medicine clinics (3, 15) . Despite its high prevalence, the etiology of PF pain remains unclear. The mechanics of the PF joint are complex, and pain may arise from a variety of structures, including subchondral bone, synovial plicae, infrapatellar fat pad, retinacula, joint capsule, and tendons (8) . For those patients for whom the etiology of PF pain cannot be traced to soft-tissue pathologies, a commonly proposed mechanism for PF pain is increased cartilage stress at the PF joint that leads to increased pressure on the subchondral bone, resulting in pain (20) . This mechanism is supported by the fact that pain receptors have been isolated in the subchondral bone plate of human patellae (34) . However, testing the hypothesis that increased cartilage stress leads to PF pain is difficult due to the inability to experimentally measure the full three-dimensional state of stress within cartilage tissue. The purpose of this study was to develop and test a method to estimate in vivo cartilage stress using a subject-specific finite element model of the PF joint.
Calculating cartilage stress is technically challenging, as many factors can influence stress, including the joint contact force, material properties of the tissue, the geometry of the articulating surfaces, and the cartilage thickness (Fig. 1) . Previous researchers (10, 31) have calculated average PF joint stress by estimating the joint contact force and dividing this by a contact area measured with magnetic resonance imaging (MRI). This method has been used to illustrate increased average joint stress in PF pain patients compared with active, pain-free controls during walking and stair climbing (10, 31) . However, a limitation of this approach is that it does not provide information regarding the distribution and peak values of stress across the joint. Stress distribution might be important when considering patients with PF pain, as small regions of high stress could lead to pain and may not be seen if an average stress is calculated. More complex models are required to calculate stress distribution. One approach is to use an elastic foundation contact algorithm or rigid body spring model (1, 9, 24, 26) . This approach uses a number of springs across the surface of each bone to prevent penetration of rigid bodies during a dynamic simulation. Other algorithms that account for cartilage deformation have been used to calculate contact pressures in the tibiofemoral joint (6, 19) and the PF joint (12, 17) . One problem with using these spring-contact models is that they only calculate contact pressure and do not calculate the stress distribution throughout the cartilage or the resulting subchondral bone stress. To determine stress and strain fields throughout a complex structure such as the PF joint, the finite element method can be used.
In the finite element method, a complex geometric shape is modeled as a mesh of simpler structures (finite elements), each having an appropriate material property. Displacement and/or force boundary conditions are then applied to the model and the subsequent stresses and strains in all elements are computed. The finite element method is well suited to parametric analyses, in which the effect of specific parameters can be investigated in a controlled manner. However, patient-population studies using the finite element method are lacking, partly due to the complexity in creating subjectspecific geometries with subject-specific loading conditions. A few finite element models of the PF joint have been developed to calculate the stresses throughout the patella during passive flexion (18, 22) and loaded knee flexion (18) . Fernandez and Hunter (18) recognized the importance of modeling multiple muscles with physiologic forces to account for different activation patterns. It was concluded that future efforts should focus on integrating muscle EMG to account for subject-specific muscle forces (18) . We present a modeling approach that uses an EMG-driven musculoskeletal model to estimate subject-specific muscle forces, which are used as input to a finite element model of the PF joint (see articles by Buchanan et al. and Lloyd et al. in this issue). The long-term goal of this research is to use this modeling pipeline to estimate cartilage stress in a group of PF pain patients to test the hypothesis that these patients have increased cartilage stress compared to pain-free individuals. These advanced methods will allow us to investigate the cartilage stress distribution resulting from different treatment modalities such as muscle strengthening and patellar taping or bracing.
METHODS
The modeling pipeline can be described in three parts: a) create subject-specific geometry and finite element mesh; b) obtain subject-specific joint orientation and muscle forces; and c) perform simulation and test the model. Data were obtained from a physically active, pain-free volunteer to illustrate the modeling process. Before data collection, the subject was informed of all data collection procedures and signed a consent form to comply with the institutional review board of Stanford University.
Creating subject-specific geometry and finite element mesh. Several steps were taken to create subjectspecific bone and cartilage geometry and finite element mesh of the PF joint, as illustrated in Figure 2 . First, sagittal plane MR images of the knee were acquired with a 1.5-T General Electric (GE Healthcare, Milwaukee, WI) MRI scanner using a fat-suppressed spoiled gradient echo sequence (repetition time (TR): 60 ms, echo time (TE): 5 ms, flip angle (FA): 40°, matrix: 256 ϫ 256, field of view (FOV): 12 ϫ12 cm, slice thickness: 1.5 mm, scan time 10:25 min; Fig. 2a ). During this scan, the subject was supine with the knee fully extended to ensure the cartilage was imaged in an undeformed state.
The MR images were manually segmented using a custom Matlab program (Mathworks, Natick, MA) to obtain a three-dimensional point cloud of the femur, tibia, and patellar including the articular cartilage of the patella and femur (Fig. 2b) . The insertion of the quadriceps tendon on the patella and the patellar tendon were also segmented from the images. Triangulated surfaces were then fit to the point clouds ( Fig. 2c ) using a commercial software package (Raindrop Geomagic, Research Triangle Park, NC) and nonuniform rational B splines (NURBS) fit to the bone and the cartilage surfaces. NURBS surfaces were used to create a uniform mesh of quadrilateral elements for the bone of the patella, femur, and tibia using Patran (MSC.Software Corp., Santa Ana, CA). The femoral and patellar cartilage was represented as three-dimensional hexahedral continuum elements (Fig. 2d) .
Obtaining subject-specific joint orientation and muscle forces. Boundary conditions in the finite element model consisted of displacements and forces applied to the PF joint. For quasistatic loading simulations, we constrained the position of the femur and tibia and applied quadriceps muscle forces to the patella, which had 6 df. Thus, the final position of the patella was determined by the forces of the quadriceps, the tension in the patellar ligament, and the contact between the patella and femur (as in (18) and (22)).
To obtain the orientation of the femur and tibia, we acquired sagittal plane images of the knee using an openconfiguration MR scanner (0.5-T SP/i MR GE Healthcare Medical Systems). Using a custom-built low friction backrest, the subject was able to perform a static, upright squat with the knee at 60°of flexion (0.45 body weight applied to each leg; Fig. 3) . A three-dimensional fast spoiled gradient echo sequence was employed to obtain 2-mm contiguous sagittal plane images of the patellofemoral joint. The scan took 2 min to acquire the complete PF joint using the following parameters: TR: 33 ms, TE: 9 ms, FA: 45°, matrix: 256 ϫ 160 interpolated to 256 ϫ 256, FOV: 20 ϫ 20 cm. Most patients are able to maintain a static squatting posture within the scanner for the duration of the scan.
The segmentation protocol described above was performed to obtain a triangulated surface of the femur, patella, and tibia. The finite element meshes of the femur and tibia were then registered to the bone surfaces in the 0.5-T weight-bearing scan using Raindrop Geomagic. This transformation ensured that the simulation used the weight-bearing position of the femur and tibia. The patellar finite element mesh was also registered to the patellar position from the weight-bearing MR image and then displaced anteriorly by approximately 5 mm to ensure that there was no contact between the patellar and femoral cartilage at the beginning of the simulation.
Quadriceps muscle forces for our cartilage stress calculations were estimated using an EMG-driven model of the knee (27) , with subject-specific musculoskeletal geometry. Briefly, the model takes raw EMG and lower limb joint kinematics as input into a modified Hill-type muscle model to calculate muscle forces and net joint moments at the knee (Fig. 4) .
To obtain data for input to the EMG-driven model, our subject performed several tasks in the motion analysis laboratory including walking, jogging, stair climbing, and single-and double-leg squatting. The weight-bearing MRI scan was also simulated in the laboratory using the custom-built backrest to replicate the 60°static flexion position. Standard stereophotogrammetry techniques were used to determine joint kinematic and kinetics (Orthotrak, Motion Analysis Corporation, Santa Rosa, CA). Muscle activity was estimated using surface EMG electrodes (MotionLab Systems, Baton Rouge, LA) placed on the following seven muscles crossing the knee: vastus medialis, vastus lateralis, rectus femoris, semimembranosus, biceps femoris, medial gastrocnemius, and lateral gastrocnemius.
A generic lower limb musculoskeletal model of the lower limb (13) was scaled to fit the motion capture data using SIMM (14) . This scaled model was used to obtain subjectspecific muscle tendon lengths and moment arms for the seven muscles mentioned above as well as vastus interme- dius and semitendinosus. Muscle tendon lengths for each trial were used as input to the EMG-driven model (27) . The model was calibrated to a walk, stair climb, jog, and static squat trial (refer to Buchanan et al. in this issue for more details on this process). Quadriceps muscle forces predicted by the EMG-driven model during the simulated 60°static squat were then used as input to the finite element model.
Perform simulation and test the model. Quasistatic loading simulations were performed using a nonlinear finite element solver (ABAQUS, ABAQUS Inc., Pawtucket, RI). During these simulations, the patella was modeled as a rigid body with 6 df. The femur and tibia were also modeled as rigid bodies and their orientation was fixed relative to their position measured from the weight-bearing MRI. Quadriceps muscle forces were applied to the patella such that the patella settled into the trochlear groove of the femur until reaching a state of static equilibrium.
To model the femoral and patellar cartilage, a linear elastic material model was used (23) with an elastic modulus of 6 MPa and a Poisson ratio of 0.47 (4). Linear elastic material models for cartilage are considered appropriate and valid for whole-joint models (12, 25) due to the elastic response of cartilage during activities involving loading frequencies greater than 0.1 Hz, such as walking and stair climbing. Nonlinear contact elements were used between the patellar and femoral cartilages to simulate low friction in vivo conditions (friction coefficient of 0.001). In this finite element model, the subchondral bone was not explicitly modeled in order to reduce the model complexity. Because subchondral bone is at least two orders of magnitude stiffer than cartilage (5), treating the subchondral bone as rigid has been shown to be a valid approximation (16,25,30 ). The nodes of the subchondral bone were tied to the nodes of the underlying bone rigid body, allowing for easy registration and/or rotation of the femur, tibia, and patella.
Tension-only elements were used to represent the patellar tendon, which connected the patella rigid body with the tibia rigid body. The elements of the patellar tendon were given a total stiffness of 2000 N⅐mm Ϫ1 (32) . Nonlinear tendon stiffness (to account for tendon "crimping") was not modeled in this simulation, as the initial orientation of the patella was taken from the weight-bearing MRI, when the patellar tendon was already under tension. The quadriceps muscles were also modeled as tension-only elements, which connected the femur rigid body with the patella. The quadriceps elements were separated into functional groups to represent the rectus femoris (three elements), vastus medialis (six elements), vastus lateralis (six elements), and vastus intermedius (six elements). These muscle groups were actuated based on the forces predicted from the EMG-driven model during the 60°static squat.
To test the finite element model, we compared the final position of the patella from the simulation with the weightbearing MR images. The contact area between the femur and patella was also measured from the weight-bearing MR images (7) and compared to the contact area predicted by the finite element model. To illustrate changes in patellar cartilage stress distribution that might occur with varying muscle forces, we increased the vastus medialis muscle forces by 20% in one simulation and then increased the vastus lateralis muscle forces by 20% in a second simulation. Finally, another pain-free volunteer was scanned using the same protocol as above to create a second patellofemoral joint model. We used the same cartilage material properties as the previous model and applied the same muscle forces as those obtained from the EMG driven model of the first subject. The purpose of this second simulation was to illustrate the potential stress distribution changes that might occur due to altered joint geometry.
RESULTS
A net knee extension moment of 20.2 N⅐m was generated by our subject during the 60°squat, as determined by inverse dynamics. The EMG-driven model predicted the following quadriceps muscle forces to produce this net moment; vastus intermedius 226.7 N, vastus lateralis 326.1 N, vastus medialis 195.7 N, and rectus femoris 48.6 N. Applying these forces to the quasistatic finite element simulation resulted in a patella orientation that was 2.1 mm lateral to the patellar position measured from the weight-bearing MR images. The patellofemoral joint contact area predicted from the finite element model was 543 mm 2 , which was within 2.3% of the measured contact area from the MRI (556 mm 2 ). Octahedral shear stresses were highest on the contacting surface of the patellar cartilage (Fig. 5a) , with a maximum stress of 1.16 MPa. The stress was distributed evenly across the central aspect of the patella, with higher stresses on the lateral side compared to the medial side (Fig. 5a ). On the corresponding lateral aspect of the femoral cartilage, the octahedral shear stress reached a peak of 0.93 MPa on the surface (Fig. 5b) . Octahedral shear stress on the subchondral surface of the cartilage was approximately 40% less than that experienced at the surface of both the femoral and patellar cartilage.
The hydrostatic pressure within the cartilage was distributed evenly throughout the depth of the tissue. Slightly higher pressures were found at the subchondral surface of the patellar and femoral cartilage compared to the contacting surface (Ͻ10% difference). Peak hydrostatic pressure was highest in the femoral cartilage (3.45 MPa; Fig. 5c ) compared to the patellar cartilage (2.31 MPa; Fig. 5d ). Figure 6 illustrates the change in patellar cartilage octa- hedral shear stress with altered vasti muscle forces. As expected, peak cartilage stresses shifted medially with increased vastus medialis muscle forces (Fig. 6b) and laterally with increased vastus lateralis activity (Fig. 6c) . Increasing the vastus medialis force by 20% increased the peak octahedral shear stress in the patellar cartilage by approximately 4%. However, increasing the vastus lateralis muscle force by 20% increased the peak octahedral shear stress in the patellar cartilage by 22%.
Applying the same muscle forces to the second patellofemoral joint model (whose geometry was obtained from our second volunteer) resulted in an increase in the peak hydrostatic and octahedral shear stresses in both patellar and femoral cartilage by as much as 22%. The stress distribution was also qualitatively different from the first model. For example, the peak hydrostatic stresses in the patellar cartilage of the first model occurred on the lateral aspect of the patella, whereas the second model had peak hydrostatic patellar cartilage stress in the central region of the patella.
DISCUSSION
The purpose of this study was to develop and test a method to estimate PF joint cartilage stress using the finite element method, with subject-specific input parameters. Finite element models have been extremely useful for understanding stress distributions throughout complex biological structures, but have primarily been used for parametric analyses or theoretical investigations rather than population-based clinical studies. A unique aspect of our modeling pipeline is the use of muscle forces predicted from an EMG-driven model to provide subject-specific loading conditions. Accounting for individual muscle activation patterns is important for understanding changes in cartilage stresses. This is highlighted by the nonuniform increase in patellar cartilage octahedral shear stresses seen between the increased vastus medialis and vastus lateralis loading scenarios. Modeling subject-specific geometry is also important when estimating cartilage stress. We have shown differences in cartilage stress variables as large as 20% when using similar loading cases with different geometry.
The acquisition of weight-bearing MR images is also unique and provides accurate orientation of the bones for the finite element model as well as testing. We have shown that model predictions of patellar orientation and PF joint contact area are close to experimental measures. Although the finite element component of the model may be considered "simple" compared with previous models (18, 22) , our approach is well suited to understand stress distributions throughout articular cartilage across a wide range of subjects performing different tasks under physiologic loading conditions.
The goal for developing this modeling approach is to gain insight into the mechanism of PF pain, which is hypothesized to relate to pressure placed on pain receptors within the subchondral bone. Our assumption is that stress developed in the cartilage will be transferred directly to the subchondral bone. Making this assumption eliminates the need to model the deformation of the underlying bone, considerably reducing the model complexity. However, this raises an interesting question. What stresses within the cartilage are important to elicit a pain response from nociceptors in the subchondral bone? The subject in this study had large octahedral shear stresses within the patella cartilage yet the greatest hydrostatic pressures were present in the femoral cartilage. Which of these stresses are more important for the sensation of pain? Is it the femoral or patellar cartilage that is important? Pain receptors in the subchondral bone may respond to shear stress just as much as compressive stress. Therefore, measures that combine the effects of compression and shear, such as the osteogenic index (5) or strain energy density (11) might correlate to PF pain.
As with any modeling approach, there are limitations that should be addressed. First, the muscle forces predicted by the EMG-driven model can only be indirectly validated by comparing net joint moments with inverse dynamics (27) . However, the results of the finite element model are sensitive to these muscle forces, so the predicted patellar kinematics and PF contact area from the finite element model provide another form of validation for the muscle forces. We have confidence that the muscle forces are reasonable because they predict the orientation of the patella and the PF contact area that are consistent with MRI measurements. Another limitation with our finite element model is that the material properties that we have used to represent cartilage do not take into account time-history or depth-dependent characteristics of the tissue. Because we are interested in modeling activities of daily living that are transient in nature, such as walking, stair climbing, and running, a simplified, elastic cartilage model is justified (12, 25) . However, we are also using a single value to represent the Young's modulus of the femoral and patellar cartilage. The effective stiffness of cartilage is expected to vary: between individuals, throughout the articular cartilage depth, across the cartilage surface, and between the femur and patella. Quantitative MRI techniques are currently being pursued to measure varying cartilage material properties in vivo (33, 29) that can be included into our finite element framework. The third limitation of this approach is that the finite element model is quasistatic and therefore estimates cartilage stress during a discrete point in time. Explicit finite element methods may be used to model PF joint dynamics or a hybrid model that combines forward dynamics simulation with the finite element method may prove useful. To model the dynamics of the patella using the finite element method, complexities such as muscle-muscle interactions, muscle-bone contact, and nonlinear patellar tendon properties need to be considered. In anticipation for dynamic models, we are currently developing real-time MRI protocols that are capable of capturing PF joint motion in vivo (2, 28) . This novel scanning technique may be used to calculate PF joint kinematics and test dynamic models of the PF joint.
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